Introduction
Due to the increased pace of modern life where higher pressures from work are experienced, more and more people have been found to suffer from issues related to mental/physical stress. Heart disease is one such medical condition that could be caused from mental stress [1] . Reports show instances where individuals with such heart conditions were found suffering from severe mental stress or sometimes found unconscious [2] [3] [4] . In order to manage such situations or medical conditions, one method is to carry out long-term cardiorespiratory monitoring on those with high heart disease risk. Therefore wearable cardiorespiratory sensing systems can play a critical role in ambulatory monitoring.
Increasingly electro-textiles are becoming one of the most popular sensory materials used in wearable sensors due to their structural & mechanical properties and their readiness to be the scaffold for carrying electronic sensors and control units [5] [6] [7] . The ability to replace the electronic power and data transmission lines in wearable systems with electroconductive textile materials gives them an advantage over bulky solid electronic components. Additionally, the availability of assistive technologies for garment manufacturing (3D body scanning, scan to knit garment design & manufacturing and the CAD based embroidery methods for the integration of sensor/ actuator systems and power/ data transmission networks onto wearable biosensing systems) make electrotextiles a highly suitable material for wearable electronic devices.
Nonwoven electro-textile materials are one of the unique electro-textile materials that are in use as a textile sensory material. The fine fibers and the fiber mesh structure of the nonwoven materials make them superb piezo-resistive sensors that are responsive to low stresses, strains, and vibrations [8] , especially for capturing cardiorespiratory signals. The electro-conductive materials can be distributed evenly throughout the nonwoven materials due to the random fibrous structure [8] . Compared to other wearable sensors such as capacitive sensors, the piezo-resistive nonwoven sensors are less prone to interference from electromagnetic noise and motion artifacts [9] . In the last few years, records show instances where nonwoven fabric based electro-textile wearable sensors were developed and employed in commercial applications [10] ; in one such example, nonwoven carrier fabric coated with carbon nanotubes were created to form an electroconductive strain sensor [11] . Another research describes where a ferroelectric strain sensor was developed based on a nonwoven fabric produced from polyvinylidene fluoride (PVDF) [12, 13] . These are some of the numerous examples available.
Out of the vast range of electro-conductive inks, silver (Ag) based electro-conductive inks are popular among the smart/electro-textile research community. The reasons for this are their better performance to cost ratios exhibited by silver based electro-conductive inks and the low electrical resistivity of silver, which is around 15.87 nΩ·m [14] , making this material one of the best candidates in the field of electro-conductive inks. Silver micro/nanoparticles, which are the primary materials used in these electro-conductive inks, can be relatively easily synthesized using chemical methods, such as dissolving a silver salt into an organic solvent [15] . As research shows, the presence of agglomerates makes silver ink based electro-textiles inconsistent in its properties [16, 17] . To obtain an agglomerate-free, highly dispersed silver solution, it is necessary to moderate their coagulation during the synthesis process, by adding a protective coating on the silver [18] [19] [20] [21] . This method produces silver particle ink with a particle size ranging from 50 to 100 nm at a silver content of 49% [20] . As observed during the research, adding an appropriate amount of a suitable acrylic resin in the process could solve the problem of the formation of agglomerates. However, this particle dispersion is achieved by sacrificing the low resistivity of the silver ink [22] . Current research has adopted the innovative silver ink synthesis method (using silver acetate ( 4 / 2 + 2 3 2 + 2 2 → [ ( 3 )] + [ 2 3 2 ] − → )) described by Walker and Lewis [23] .
In order to ensure the correct bonding of the silver particles to the textile substrate and the enhancement of the electro-conductivity of the resulting electro-textile, the ink requires sintering. As literature states, in using a thermal sintering process, the sintering temperature below 100°C will cause the treatment to be incomplete, consequently leading to a reduced conductivity value [24] . The sintered silver ink might have a hairy fuzzy appearance if the silver content is low; however, this can be overcome by raising the sintering temperature to 250°C [25] . Plasma and laser energy is another approach that can also be used in the sintering process of silver inks [26] [27] [28] [29] . Another sintering method called solution soaking treatment can be applied to sinter silver particles on paper or plastic substrates [30] . Fast sintering at lower sintering temperatures can be achieved by a sintering method based on temperature-sensitive photo paper [31] . Microwave sintering is also a useful approach for the creation of conductive silver deposition on a polymerbased substrate [32] [33] [34] .
As the title of this paper describes, the current research aims to present the work carried out and the evaluation of an electro-conductive, nonwoven fabric based piezo-resistive sensor that can be used for capturing the heart and the breathing signals of an individual. The paper further presents the advantage of using webbing fabrics (to improve the stability of the sensor) and nonwoven materials with modified surface properties to optimize the performance of the sensor.
Methodology
In a piezo-resistive nonwoven pressure sensor, on the application of mechanical pressure, the thickness of the material will reduce and will cause the electro-conductive particles to move closer. This, in turn, reduces the electrical resistance of the material. The change in the electrical resistance on the application of mechanical pressure defines the working principle of a nonwoven piezo-resistive pressure sensor, as illustrated in Figure 1 . The nonwoven compressive piezo-resistive sensor consists of a core layer of nano silver electro-conductive ink impregnated nonwoven fabric that exhibits piezo-resistive properties. In wearable electronic devices, this piezo-resistivity is used to detect and capture weak Ballistocardiogram (BCG) and breathing signals. In order to construct the piezo-resistive sensor, this core nonwoven layer is then sandwiched between two layers of silver knitted electrodes. The complete assembly is reinforced by thermally bonding the silver knitted electrode layers and the piezo-resistive layer using webbing fabrics.
In this research, the nonwoven sensors were classified into two types: smooth surface pattern nonwoven sensor and embossed dotted pattern nonwoven sensor. The paper presents the investigation carried out to find out the effectiveness of the webbing fabrics in stabilizing the relative movements between the material layers in the nonwoven piezoresistive sensor, while maintaining an overall low sensor electrical resistance and high piezo-resistive sensitivity.
Additionally, the paper presents the in-depth work carried out to capture a subject's breathing signal and heartbeat signal, during a test period, including normal breathing, rapid breathing, breath holding and body movement. These test results were compared with a commercially available bio-signal sensing device to verify the performance of the nonwoven piezo-resistive sensor. The paper further extends this investigation to a group of volunteers to evaluate the reliability of the sensor.
Experimental Section

Preparation and characterization of silver nano particle ink
In order to make the nano silver ink, 5 g of silver acetate (≥99.0%, powder, from Sigma Aldrich) was dissolved in 12.5 ml of ammonia solution (33%, liquid, ammonium hydroxide, from Sigma Aldrich) and stirred, until the solution became completely transparent and clear. Then, 1 ml of formic acid (≥98%, liquid, from Sigma Aldrich) was added into the solution as droplets. The solution, together with the black pre-matured silver salt agglomerates that formed, was capped for 24 hours. After the 24 hours standing period, the clear solution was transferred into a syringe filter with a pore size of 0.2 µm for filtering. The filtered solution, with a silver content of 65 mg/ml, was used as the nano silver conductive ink in the later impregnation process. It can be seen in Figure 2 that the thermally sintered nano silver ink shows spherical silver particles, which are independent of each other. The diameter of most of the silver particles is less than 130 nm. However, it is noticeable that some large crystallizations are also present. The average diameter of the silver particles is 123 nm, averaging from 100 measurements, with a standard error of 3.07 nm. Figure 3 and Table 1 show the results of the EDX elemental spectrum. It can be found that the sintered nano silver particle ink has a silver content of 97.96%. 
Silver nano particle impregnation of nonwoven fabrics
In applying this nano silver ink to the nonwoven fabrics, it is obvious that dilution of the ink would result in lower electrical conductivity in the sensor. Therefore, the nano silver ink produced through the above mentioned process was used without dilution in manufacturing the sensor fabrics.
A nonwoven fabric of 45 mm by 45 mm was immersed in 4 ml of the nano silver particle ink prepared by the method mentioned in 3.1 for five minutes. In order to remove the excess nano silver ink, the dip coated nonwoven fabric was then run through the mangle machine (Werner Mathis CH-8155 Pad Mangle) once, at the mangle speed of 1.5 m/min and the pressure value of 1 bar. Then the nonwoven fabric was thermally sintered at 120 °C for 30 minutes to improve the electrical conductivity.
Since impregnating the nonwoven fabrics at a higher mangling pressure would result in a lower amount of nano silver particles in the nonwoven fabric (reducing the sensor electrical conductivity), the mangling pressure during the impregnation process was held at the lowest possible setting of 1 bar.
The details and photos of the piezo-resistive nonwoven fabrics produced by the method mentioned above are summarized in Table 2 and Figure 4 . Two types of nonwoven materials with different surface structures were made with the same fiber materials of similar thickness. The embossed dotted pattern nonwoven fabrics had lower area density, due to the fact that they were partially bonded in order to create the unique surface structure, therefore, resulting in a lower silver take-up percentage than the smooth pattern nonwoven fabric. The silver content take-up (T) was calculated using the following equation:
where: W is the weight of the impregnated nonwoven fabric after mangling and thermal sintering; W 0 is the weight of the unimpregnated nonwoven fabric. Table 3 lists the functional fabrics used in the fabrication of the piezo-resistive nonwoven sensors. The silver knitted fabrics (MedTex P-130) were used as electrodes that connected the piezo-resistive nonwoven sensor to a circuit for the measurement of electrical resistance. The silver knitted fabrics had very low electrical resistance (< 100 Ohms/m 2 ) which could be considered as a conductor during testing. The webbing fabrics acted as adhesives to improve the connections between nonwoven fabrics and electrode fabrics. Melting temperature:
Sensor design and fabrication
°C
The sensor was fabricated by sandwiching a piezo-resistive nonwoven fabric (size 45 mm by 45 mm) between two layers of silver knitted fabric (size 40 mm by 40 mm) and webbing fabric (size 40 mm by 40 mm). The size of the nonwoven fabric layer was larger than those of silver knitted fabric and webbing fabric, in order to prevent any electrical short-circuiting between silver knitted fabric layers. After properly aligning the each of the layers, a clothes iron was used to apply a heat level of 60°C, in order to melt the webbing fabric layer to provide adhesion. It was observed, the webbing fabric only provided sufficient surface adhesion to the nonwoven layer and silver knitted electrode layer, without any modifications to the inner fabric structures of the nonwoven or electrode fabric materials. The webbing fabrics were also impregnated with the nano silver ink in order to improve the electrical conductivity. However, due to the low melting temperature of the webbing fabric, the sintering process of the impregnated webbing fabrics was carried out at 45 °C for 1 hour. Since the silver impregnated webbing fabric was melted in order to bond the silver knitted electrode layer and the piezo-resistive nonwoven fabric, the silver impregnated webbing fabric does not function as a piezo-resistive material. The layer arrangement of the sensor design is demonstrated in Figure 5 . 
Measurement of electrical resistance
In this research, due to the fact that the piezo-resistivity of the sensor material was investigated mainly by measuring the change in the electrical resistance, the half-bridge circuit was used throughout all types of tests involving electrical resistance measurement and recording. The piezo-resistive sensor (R Sensor ) and a resistance box (R R-box ) were connected to form the half-bridge circuit, as illustrated in Figure 6 . Figure 6 . The Wheatstone half bridge circuit diagram was used to measure the resistance of the piezo-resistive sensor in this research. The dotted lines are the circuit built into the data acquisition card [35] .
The NI-9219 data acquisition card was able to measure and record the − reading during the tests. In order to acquire a continuous resistance signal under dynamic conditions, the following method was conducted.
1) The bridge was balanced using the resistance box before starting the tests, and the reading of the resistance box was noted.
2) The test was carried out while the − readings were recorded by NI-9219 data acquisition card.
3) The following equation was applied in order to calculate the dynamic electrical resistance of the sensor.
Electro-mechanical quasi-static compression test
Each sample was conditioned under a standard humidity of 65 %RH ± 5 %RH and 23 °C ± 0.6 °C for at least 24 hours before testing based on ASTM D1776. The quasi-static compression test was carried out using Zwick/050 tensile tester. Each sample was compressed between two compressive plates, the size of which was 40 mm by 40 mm. The test speed was 1 mm/minute in order to eliminate the effect of the testing speed on the sensor performance. In order to define the transient performance of the electromechanical tests, the performance of the sensors was investigated initially at 0.1 kPa, 0.2 kPa and 0.5 kPa. After the initial period, the resistance readings were recorded at 0.5 kPa intervals up to 10 kPa. The resistance of the sensor was recorded by using the Wheatstone bridge mode in a data acquisition card (NI-9219). Five samples of each type of the piezoresistive nonwoven sensor were tested.
Cyclic compressive loading
The reproducibility of the piezo-resistive nonwoven sensor was investigated by carrying out cyclic compressive load tests. With the help of Zwick/050 tensile tester, the piezoresistive nonwoven sensor samples were compressed from 0 to 10 kPa for 20 cycles, at a deformation speed of 1 mm/min for both loading and unloading cyclic. The electrical resistance was recorded simultaneously using the same settings as the quasi-static electromechanical compressive test.
Cardiorespiratory tests
The test setup for acquiring the cardiorespiratory signals is shown in Figure 7 . In order to capture the cardiorespiratory signals, sufficient contact pressure is required between the piezo-resistive sensor and the test surface. A belt was used to tighten the piezo-resistive sensor patch onto the test subject's left chest area, in order to have a sensor contact pressure of 1.5 kPa [36] . During the breathing signal capturing tests, the subject performed the following actions: normal breathing, breath holding, rapid breathing, lifting of his left arm and lifting of his right arm. In the case of heart signal capturing, the subject held his breath for 90 seconds. During the cardiorespiratory tests, the resistance of the sensor was recorded at all times using the NI-9219 data acquisition card at a sampling rate of 50 Hz, to investigate the performance of the sensor and how the sensor would be interfered by the body movements. In order to improve the reliability of the electrical resistance signal generated by the sensor, a bandpass filter was applied. The frequency of the cardiorespiratory signals varies according to the situation of the subject. The respiratory signal normally is within the range of 0.1 to 0.5 Hz; whereas the cardiac signal has a frequency from 1 to 1.67 Hz [37] . Considering the extreme conditions, the bandpass filter was set from 0.1 to 1 Hz for respiratory signal and 0.8 to 2 Hz for cardiac signals. The cardiorespiratory tests were carried out on five male and five female subjects.
Results and discussion
The optimization of the sensor through modified structural and surface properties
In order to investigate the effectiveness of the silver impregnated webbing fabric, the nonwoven piezo-resistive sensors A and B were firstly compared with two nonwoven sensors fabricated without the silver impregnated webbing fabrics, the results of which can be seen in Figure 8 . The resistance vs. pressure characteristic curves of the piezo-resistive sensors derive from the electrical connections made by the electroconductive nanoparticles during the sensor compression. Majority of these electrical connections are made during compression of the material up to 2 kPa. Therefore the non-linear characteristic curves show the largest gradient for pressures up to 2 kPa. As Figure 8a and Figure 8c show, the nonwoven sensors without the silver impregnated webbing fabrics started with large error bars at lower pressures, which is due to the insufficient electrical contact between the knitted silver electrode and the nonwoven piezo-resistive fabric. At a low compressive force on the sensor (zero pressure in the present case), the fiber arrangement tends to have a large variation in the fiber to fiber distance in each test, which eventually causes resultant large variations in the initial resistance. As the pressure is increased, the error bars (standard error) can be seen to decrease for the dotted pattern nonwoven sensor (Figure 8a) . By introducing the silver impregnated webbing fabric layers, there is an immediate resultant reduction in the error bars in the characteristic curve. The silver impregnated webbing fabric layers were used to bind the knitted electrode and electro-conductive nonwoven layers in the sensor to stabilize the sensor performance. By adding the additional silver impregnated webbing fabric layers, the overall resistance of the sensor was decreased for both types of sensors, which was due to the better electrical contact between the knitted silver electrode and the nonwoven layer. The piezo-resistance sensitivity (S) of the sensor material was calculated based on the equation for the coefficient of the piezo-resistive material and normalized over pressure, described as follows:
where: ΔR/ΔP is the measured change in sensor resistance per unit change in pressure at P, where P is the pressure value during the test.
However, this modified construction did not improve the sensitivity of the piezo-resistive sensor significantly as shown in the Figure 8b and Figure 8d , where the sensitivity of the piezo-resistive nonwoven sensor is seen to reduce as the pressure increases. As the nonwoven material gets closer to the fully compressed state, it has a reduced chance of creating additional electrical paths within the silver impregnated nonwoven material. The highest sensitivity points for both types of the nonwoven sensors are seen at 0.1 kPa (for dotted pattern nonwoven sensor without the silver impregnated webbing fabrics, as the relatively large change in resistance causes a sensitivity value of 171.15 Ω/kPa, which is not shown in Figure 8b) ; however, considering the inaccuracy caused by the large error bars, it is not suitable to use the sensor at such low pressure levels. The sensitivity of both types of nonwoven sensors shows a relatively flat curve after exceeding a pressure value of 2 kPa. However, within the pressure range between 1 and 2 kPa, the nonwoven sensors show an optimum piezo-resistive sensitivity (an average sensitivity of 8.433 Ω/kPa and 1.865 Ω/kPa for the dotted pattern and smooth pattern nonwoven sensors, respectively). The sensor constructed with the impregnated dotted pattern nonwoven layer showed a higher piezo-resistive sensitivity than the sensor constructed with a smooth surface nonwoven. This would be due to the difference in the area density of the two nonwoven fabrics. Since the dotted pattern nonwoven fabric has a lower area density, resulting in higher compressibility. Therefore under compression, the change in the resistance of the dotted pattern nonwoven sensor is higher than that of the smooth pattern nonwoven.
Therefore, even though the silver take-up in the dotted pattern nonwoven sensor is lower (30%), this material shows higher sensitivity.
Cyclic compressive loading
It can be seen in Figure 9 that both sensors show satisfactory repeatability after 20 cycles of continuous loading and relaxing and induce a hysteresis in the resistance-pressure curves. In order to evaluate the hysteresis effect of the electrical resistance of the nonwovenbased pressure sensor, similar to the hysteresis loss calculations for mechanical cyclic loading tests [38] [39] [40] , the resistance hysteresis loss (R HL ) and the percentage of the R HL for each cycle were calculated based on the following equations.
where: RP L and RP U are the areas under the loading and unloading curves for each cycle, respectively.
The two thermally bonded nonwoven fabric sensors (sensor A and B) both can be seen to have conditioning effects during the cyclic loading; they both have stable hysteresis loss percentages of 2.10% and 2.15% in average, for sensor A and B respectively. The difference in the hysteresis loss value is due to the difference in the sensor resistance which is an inevitable result from the different silver take-up percentages due to different fabric properties.
It is noticeable that during cyclic loading, the resistance of the sensor gradually reduces as the cyclic compressive test progresses. This phenomenon is studied by normalizing the resistance at the peak (R peak ) and the trough (R trough ) in each compressive loading cycle to the resistance at the first peak (R peak1 ) and trough (R trough1 ). As seen in Figure 10 , sensor A shows better adaptability to the cyclic compressive loading than sensor B. The resistance change of sensor A at the peaks and trough over 20 cyclic loadings is around 5%, while for sensor B is over 10%. This could happen as a result of the different levels of bonding in the nonwoven structure of sensor A and B. Due to the nonwoven material construction methods, sensor A material has fully bonded areas only in the embossed dotted pattern while in sensor B, the fibers are fully bonded. The dotted pattern embossed surface structure allows the nonwoven fabric to absorb more energy from pressure without deforming significantly. Once the pressure is removed, the surface structure which is not thermally bonded is able to recover sooner than other thermally bonded nonwoven fabrics.
The response and releasing time of the developed piezo-resistive nonwoven sensors were investigated by applying periodical dynamic pressures varying from 1 to 2 kPa (the sensitive region as mentioned in 4.1), at 0.1 Hz and 0.5 Hz frequencies. As can be seen in Figure 11a and Figure 11c , there is an immediate change in the resistance of sensor A as soon as the pressure changes. As expected, due to higher frequency of 0.5 Hz, both the pressure signal and the corresponding resistance signal of the piezo-resistive nonwoven sensor showed some fluctuation during the idling period. The response time of sensor A under 0.1 Hz frequency and 0.5 Hz frequency was 0.48 s and 0.41 s, respectively; while the releasing time of sensor A was 0.22 s and 0.23 s for 0.1 Hz and 0.5 Hz frequencies, respectively. It is worth noting that due to the fact that the dynamic pressure signal was applied by a screw type tensile tester (Zwick/050), there is a time delay of 0.21s and 0.13 s for the pressure to reach and settle at its target value. Therefore, the actual response time and the releasing time of sensor A could be even lower. On the other hand, as can be observed in Figure 12 , the resistance signal of sensor B shows a stronger resistance time drift phenomenon than sensor A. The response time and releasing time of sensor B at 0.1 Hz frequency is 0.53 s and 0.25 s, respectively. Compared with sensor A, the respond time of sensor B is slightly longer, which could be due to the fact that sensor B with a smooth surface pattern has a worse recoverability from compression than sensor A embossed with a dotted surface pattern. The result of sensor B at 0.5 Hz frequency was found fluctuating, due to which the response time and releasing time was not able to be calculated. This again is due to the poor compressive recoverability of sensor B. 
Cardiorespiratory signal acquisition
The evaluation of the novel, silver based nonwoven piezo-resistive sensor A and B for their capacity for capturing the breathing signals and heart signals were carried out separately within the pressure range of 1-2 kPa. In each case, the procedure was selected in order to clearly visualize the sensor's capacity for signal capture during breathing and while holding the breath.
Breathing signal acquisition
The test procedure used for acquiring the breathing signal consists of four repeats of normal breathing followed by holding the breath (each repeat has 30 seconds of normal breathing followed by 30 seconds of holding the breath). These four repeats were followed by rapid breathing for 60 seconds and normal breathing for 30 seconds. In order to observe the capacity of the sensors to capture the breathing signal during body movement, further testing was carried out while the test subject was lifting and lowering the right arm for three times, and the left arm for three times. A commercially available BCG sensor was used together with the nonwoven sensors approximately at the same time, following the same test procedure, in order to verify the results.
The test results shown in Figure 13 were acquired using sensor A. It can be seen clearly in Figure 13 that the peaks of the signal of the piezo-resistive nonwoven sensor A match perfectly with those of the commercially available breathing belt-sensor. During the time the subject held his breath, the piezo-resistive nonwoven sensor A was seen to capture less noise than the commercially available sensor. In the breathing test shown in Figure  13a , for each lifting and lowering movement of the arm, the piezo-resistive nonwoven sensor A shows a single upward spike while the commercial sensor detected upward and downward spikes (which is characteristic to the sensor type used in the commercial sensor system) during the breathing cycle motion artifact investigation.
In Figure 13a , it can be seen that the left arm movements affect the signal more than the right arms movements. This is because that the sensor patch was attached on the left side of the subject's chest. It is observed that during normal breathing and rapid breathing, the signal amplitude in the commercially available belt sensor is higher than that of the nonwoven sensor A. However, it can also be observed that after the arm movements, the piezo-resistive nonwoven sensor A captured the breathing signals almost immediately while the commercially available sensor failed to do so. The close agreement of peaks between the nonwoven sensor A and the commercially available sensor verifies the accuracy of the nonwoven sensor A. As marked in the red circle in Figure 13a , whenever the left arm was lowered, the commercially available sensor missed a breathing peak; however, the nonwoven sensor A was able to capture the complete breathing signal. This shows the nonwoven sensor A has better reliability than the commercially available sensor in this situation. This may be because that the commercially available belt sensor was a strain sensor which works on the principle of extension in length due to the increase in the girth of the chest while breathing. However, the body movements caused by the arm lifting neutralized the change of the girth of the chest due to the breathing activity, resulting in the missing peaks of the commercially available breathing sensor. It is observed that breathing signal and arm lift has interference peaks shown in Figure 13a . That may also be the reason for the widening of peaks at those points for belt sensor. In the case of the piezo-resistive nonwoven sensor A, the arm lifting had less interference with the sensor functionality. This effect was observed in the breathing signals of the other subjects tested during this research.
As observed in Figure 13b while capturing the normal breathing signals, both the nonwoven sensor A and the commercially available sensor performed equally well. Since the commercially available sensor is based on a stretchable belt and the nonwoven sensor is a multi-layer fabric pressed against the chest, the signals acquired from the two types of the sensors tend to be in the opposite sense. Despite the difference in the sensor technologies between the commercially available sensor and the piezo-resistive nonwoven sensor A, the results still show that the piezo-resistive nonwoven sensor A has the full capability of acquiring the correct breathing signals. Similarly to the normal breathing signals, sensor A was capable of capturing the rapid breathing signals accurately, as may be seen in Figure 13c . Similar results were observed when using the smooth piezo-resistive nonwoven sensor (sensor B) where each test period corresponding to the movements of the subject can be clearly identified from the breathing signals (as illustrated in Figure 14) . Figure 14a illustrates that although the arm lifting movements were successfully captured, both the piezo-resistive nonwoven sensor B and the commercially available sensor respond poorly in capturing the breathing signals following strong arm movement. The rapid breathing result in Figure 14c shows that the piezo-resistive nonwoven sensor B failed to perform reliably during the rapid breathing period. The signals recorded consist of a large amount of fluctuation and a limited amount of peaks that could be matched with the control signal. The reason for such could be the strong chest movement during the rapid breathing, causing a higher pressure to be applied on the sensor fabric. As the pressure increased, the sensitivity and the change in resistance of the sensor decreased; resulting in a poor quality captured breathing signal.
Comparing sensors A and B, it is evident that in capturing the breathing signal, Sensor A performed better. Sensor A was able to respond correctly and accurately to the rapid breathing signal and successfully bypassed the interferences caused by the arm movements.
Heartbeat signal acquisition
The heartbeat signal was acquired using a commercially available finger clamp BCG sensor and the piezo-resistive nonwoven sensors A and B, while the subject held his breath for 90 seconds. During this period, as the breathing was suppressed, a much weaker heartbeat signal was expected to be captured.
In Figure 15 , the results of the piezo-resistive nonwoven sensor show significant fluctuations in the general trend of the signal, yet heartbeats are still captured by the nonwoven sensor A. It can be observed that in the 'Drift Period' the resistance of the sensor reduces, which is due to the subject having to hold his chest non-moving to accommodate the long duration of breath holding. The green arrow shows the starting point when the subject was forced to move due to the discomfort in holding the breath; therefore, compared to the rest of this signal curve, 'Drift Period' provides a better clarity of the heartbeat signal. The tall peaks appeared during the 'Drift Period' were caused by the body of the subject trying to avoid inhaling air. Figure 15b illustrates the heart signal captured by the piezo-resistive nonwoven sensor, peaks of which approximately matches (19 heartbeats picked by sensor A compared with 20 picks from the BCG sensor) with the heart signal acquired by the commercially available BCG sensor. It should be noted that the finger clamp provided the commercial sensor good contact pressure with the skin, while the piezo-resistive sensor was placed on a relatively flat area of the chest resulting in a small contact pressure. As observed in Figure 15b , the heartbeat signal of the piezoresistive sensor A has lower amplitude compared to the commercial sensor; however, the peaks are identifiable. The results of using the piezo-resistive nonwoven sensor B for capturing the heartbeat signals are shown in Figure 16 . Compared with sensor A, the result of sensor B shows more fluctuation. This is as expected since sensor B was found to show strong fluctuation in the signal at and above 0.5 Hz frequency in the sensor time response tests. Additionally, as illustrated in Figure 16b , at the selected period of time, only a few of the heartbeat signals were picked by the nonwoven sensor B. Although most part of the curve shows irrelevance to the heart signal, every peak that appears in the curve correlated to a peak in the curve from the commercially available BCG sensor. Comparing the dotted nonwoven fabric sensor (sensor A) with the smooth nonwoven fabric sensor (sensor B), the dotted nonwoven fabric sensor showed a better performance in capturing the heartbeat signal. This is because, within the operating range of 1-2 kPa, the sensitivity of the dotted nonwoven fabric is higher than the smooth nonwoven fabric. Therefore, for investigating the accuracy of the sensor, the tests were carried out using the dotted nonwoven fabric based sensor A.
Investigation of the accuracy of the nonwoven piezo-resistive sensor
For the investigation of the performance of the dotted nonwoven fabric when in use, five male and five female volunteers contributed their help for cardiorespiratory data collection. The cardiorespiratory data of a five-minute period of each volunteer were recorded with the control cardiorespiratory data (captured by the commercially available bio-signal sensing system).
The number and the locations of the peaks were detected and determined using a Matlab program that considers the criteria that the minimum distance between every two adjacent peaks needs to be 0.35 seconds and 3 seconds for heartbeat signals and breathing signals respectively. The amplitudes of the peaks are normalized as the fraction of the difference between the maximum and minimum amplitude. Table 4 shows the statistical data of the ten volunteers' cardiorespiratory signal, from which it can be concluded that the nonwoven piezo-resistive sensor was reliable.
Compared to the control data group, the nonwoven piezo-resistive sensor acquired the cardiorespiratory signals with less variation. The accuracy of the respiration rate (RR) and heart rate (HR) of the piezo-resistive sensor is calculated by the following equations:
where: A RR is the accuracy of the RR; ̅̅̅̅̅̅̅̅ and ̅̅̅̅̅̅̅ are the average RR of the belt sensor and the nonwoven sensor, respectively.
where: A HR is the accuracy of the HR; ̅̅̅̅̅̅̅̅̅ and ̅̅̅̅̅̅̅ are the average HR of the BCG sensor and the nonwoven sensor, respectively. The discussion in the rest of this paper is based on the results from one of the volunteers. This signal was observed to be representative and typical when the subject is sitting down. 
Heartbeat signal matching
In the result of the peak detection and matching investigation (as shown in Figure 17) , it is clear the signal amplitude variation of the nonwoven piezo-resistive sensor is significantly lower than that of the commercially available BCG sensor. Most of the peaks of the piezo-resistive nonwoven sensor are strong and clearly identifiable. In the peak location matching graph, a minor shift between two sets of peaks can be observed due to the natural difference between the working principles of the commercially available BCG sensor and the piezo-resistive nonwoven sensor. This is a result of the commercially available BCG sensor picking up the pulse on the finger and causing a delay in the signal.
The reproducibility of the electro-conductive nonwoven fabric based sensor in the application of capturing the cardiorespiratory signal was studied. The cardiorespiratory signals were acquired from the nonwoven sensor and commercially available sensor (Plux bio-signal system) and were repeated on the same subject for ten times. Each test lasted at least 5 minutes. The heartbeat count of these tests, from the piezo-resistive nonwoven sensor and the commercially available BCG sensor, normalized to the number of beats in one minute. Among ten tests, one of the test results was found unusual that the piezo-resistive nonwoven sensor obtained a heart rate of 91.98 beat/minute where the commercially available BCG sensor had only 72.92 beats/minute. The sensor performed as normal in the other nine tests. This unusual result could be due to the unexpected noise that affected the performance of the sensor. This issue should be able to be resolved if a better filtering system is applied. Figure 17 . Heart signal peak detection and location matching between the nonwoven piezo-resistive sensor and commercially available BCG sensor. Figure 18 indicates the performance of the nonwoven piezo-resistive sensor while capturing the breathing signal, compared with the commercially available breathing belt sensor. The peaks of the signal captured by the nonwoven piezo-resistive sensor are clearer than those of the commercially available sensor system. However, there are false peaks detected in using the Matlab coding (marked in Figure 18a and Figure 18c ). Same as the heart signal acquisition, ten breathing signal tests were performed with the piezo-resistive nonwoven sensor and the breathing counts over one minute were determined. The statistical data in Table 6 show that there are only negligible differences between the two types of sensors in the aspect of capturing the breathing signals and a high accuracy of 97.39% was achieved. 
Breathing signal matching
Conclusions
The paper introduces a novel nano silver ink impregnated wearable piezo-resistive sensor, constructed by the authors, based on nano silver ink impregnated nonwoven fabric. This piezo-resistive sensor is fabricated by sandwiching the nano silver ink impregnated nonwoven fabric with two layers of silver knitted fabric, on either side of the nonwoven fabric, with the aid of silver impregnated webbing fabric. The research shows that the silver impregnated webbing fabric layers, which bind the nano silver ink impregnated nonwoven fabric, improve the electrical connection between the silver knitted fabric layers and the piezo-resistive nonwoven fabric layer. The use of the silver impregnated webbing fabric reduces the error bars of the sensor resistance in the experiments in the low pressure region, without sacrificing the sensitivity of the piezoresistive sensor. The wearable piezo-resistive sensors produced from the embossed dotted pattern nonwoven fabric and smooth surface nonwoven fabrics showed pressure sensitivities of 8.433 Ω/kPa and 1.865 Ω/kPa, respectively, within the pressure range of 1 to 2 kPa. It was also found from the cyclic loading tests that the recoverability of the sensor from compression was critical to the reproducible piezo-resistive perform. Therefore, the nonwoven materials themselves already have an edge over other textile materials, where improvements can be made in respect of partial bonding in order to obtain better compressive recoverability.
The cardiorespiratory signal acquisition tests were carried out using these two types of piezo-resistive sensors. The experiments showed that both types of piezo-resistive sensors were capable of detecting the breathing signals during normal breathing, rapid breathing and during arm movement. Results prove that the piezo-resistive sensor made using the nonwoven fabric having a dotted surface pattern provides more reliable and stable cardiorespiratory signals, with a sensor accuracy of 92.83% and 97.39% for capturing heart signals and breathing signals, respectively. It is also found that, even though the signal amplitude from the piezo-resistive sensors were low, a piezo-resistive nonwoven sensor with an embossed dotted surface pattern perform was capable of capturing the complete breathing signal and the BCG signal. By comparing the recorded cardiorespiratory signals with that from the commercially available bio-signal monitoring device, within the sensor application pressure of 1 to 2 kPa, it can be seen that this new wearable piezo-resistive sensor technology is capable of being used in general cardiorespiratory monitoring applications.
